Along with insights into the potential for graft success, knowledge of biomechanical properties of small diameter tissue-engineered blood vessel (TEBV) will enable designers to tailor the vessels' mechanical response to closer resemble that of native tissue. Composed of two layers that closely mimic the native media and adventitia, a tissue-engineered vascular adventitia (TEVA) is wrapped around a tissue-engineered vascular media (TEVM) to produce a self-assembled tissue-engineered media/adventia (TEVMA). The current study was undertaken to characterize the biaxial biomechanical properties of TEVM, TEVA and TEVMA under physiological pressures as well as characterize the stress-free reference configuration. It was shown that the TEVA had the greatest compliance over the physiological loading range while the TEVM had the lowest compliance. As expected, compliance of the SA-TEBV fell in between with an average compliance of 2.73 MPa 21 . Data were used to identify material parameters for a microstructurally motivated constitutive model. Identified material parameters for the TEVA and TEVM provided a good fit to experimental data with an average coefficient of determination of 0.918 and 0.868, respectively. These material parameters were used to develop a two-layer predictive model for the response of a TEVMA which fit well with experimental data.
INTRODUCTION
Cardiovascular disease (CVD) is the leading cause of death in the US; more specifically, coronary artery disease accounts for 54 per cent of all CVD and 20 per cent of mortality in the US, with an estimated economic cost of $142.5 billion [1] . Over half a million coronary bypass procedures are performed in the US each year; however, it is estimated that 30-50% of all coronary by-pass grafts will result in restenosis, requiring additional clinical intervention [1] . One often cited cause for such restenosis is a 'compliance mismatch' between the native and grafted tissues. In addition, for many patients, suitable autologous grafting tissues are not available. This clinical need could be met through the development of small diameter tissueengineered blood vessels (TEBVs) with low thrombogenicity and immune responses, suitable mechanical properties and a capacity to remodel to their local environment [2 -5] .
Different platforms for developing a suitable TEBV graft have shown great promise; these include gelderived [6, 7] , polymeric biodegradable scaffold-derived [8] and self-assembly-derived TEBVs [9] . Interestingly, TEBVs constructed by self-assembly (SA-TEBV) have shown superior mechanical strength (burst pressure more than 1000 mmHg), morphology, structural organization and vasomotor response compared with other TEBVs [2, [10] [11] [12] [13] [14] [15] [16] . The self-assembly approach consists of culturing human umbilical smooth muscle cells (hUSMCs) and dermal fibroblasts (hDFs) in supplemented culture media; after several weeks the cells form a thick living tissue sheet that can be rolled around a mandrel and cultured to form a TEBV with layers similar to the media and adventitia of native vessels. Endothelial cells (ECs) can be seeded on the luminal surface to form a functioning endothelium [17] .
Mismatched biomechanical properties between the graft and native surrounding tissue are commonly cited as a cause of graft failure. Given these observations, we submit that design criteria that minimize mechanically induced restenosis in vascular grafts include: (i) matching the inner diameter of the host and the graft at physiological pressure and axial stretch; (ii) matching the compliance of the host and graft over the cardiac cycle; (iii) matching the axial force imposed by the graft on the host vessel under physiological loading; and (iv) matching the local circumferential and axial wall stresses of the graft to near homeostatic values of the native vasculature. The latter criteria will ensure that there are no significant changes in geometry or material properties after implant due to plasticity, fatigue or remodelling.
A constitutive model describing the mechanical response of the tissue to applied loads is required to predict the diameter, compliance, axial force and local distribution of stresses across the vessel wall for a native or engineered blood vessel given a particular applied load (e.g. physiological loading). The goal of the current study is to characterize the biaxial biomechanical behaviour of the tissue layers that comprise SATEBVs and identify a predictive constitutive model. Using a novel bioreactor and biomechanical testing device [18] , biaxial biomechanical characterization of tissue-engineered vascular media (TEVM), tissue-engineered vascular adventitia (TEVA) and two-layer tissueengineered vascular media-adventitia (TEVMA) was performed. These data were used to identify material parameters for TEVM and TEVA using the constitutive model of Baek et al. [19] . We found that the compliances of the TEVM, TEVA and TEVMA were within the range of values reported for coronary arteries taken from the literature. In addition, these vessels are pseudo-elastic and nearly incompressible over physiological loading. Identified material parameters for TEVM and TEVA provide a good fit to experimental data and predict the mechanical response of TEVMA well. Such predictive models can serve as a tool to quantify deformation to applied loads and local stresses and perform design analyses to indentify new fabrication strategies to control the SA-TEBV mechanical response.
METHODS

Cell isolation and construct fabrication
hDFs were isolated from a human skin biopsy as previously described [2] . Briefly, the dermis was separated from the epidermis by incubation in thermolysin (Sigma, Oakville, Ontario, Canada). hDF were enzymatically dissociated from the dermis using collagenase H (Roche, Indianapolis, IN), centrifuged, plated in tissue culture flasks and cultured in Dulbecco-Vogt modified Eagle medium (DMEM; Invitrogen, Burlington, Ontario, Canada) supplemented with 10 per cent foetal bovine serum (FBS; Hyclone, Logan, UT) and antibiotics (penicillin (100 U ml 21 , Sigma, Oakville, Ontario, Canada), gentamicin (25 mg ml
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, Schering, Pointe-Claire, Quebec, Canada)). SMCs were isolated from a human umbilical cord (hUSMCs). An umbilical cord was obtained from a healthy newborn and processed immediately. The umbilical vein was rinsed with phosphate buffered saline, opened longitudinally and pinned to a dissection board with the lumen facing upward. EC were gently scraped from the underlying basement membrane using a scalpel blade without grossly damaging the subendothelial layer. Bands of the thin underlying media layer were then collected, cut into smaller pieces and placed in a gelatin-coated Petri dish to allow the outgrowth cells to attach to the gelatin. Explants were cultured in DMEM with Ham's F12 (ratio 3 : 1; Invitrogen, Burlington, Ontario, Canada) supplemented with 10 per cent FBS and antibiotics until cells migrated out of the biopsy samples. Freshly isolated cells were frozen for long-term storage and subsequent use. Cells between passages 3 and 7 were used for tissue production.
The tissue-engineered vascular constructs were developed as previously described [2] . Briefly, hUSMCs or hDFs were seeded at a density of 1 Â 10 4 cells cm 22 in tissue culture flasks and cultured in DMEM supplemented with 10 per cent FBS. Antibiotics were added to DMEM and sodium L-ascorbate (50 mg ml 21 , Sigma, Oakville, Ontario, Canada) was added to the culture medium of vascular constructs to stimulate extracellular matrix (ECM) synthesis. Cells were cultured for 28 days until their neosynthesized ECM proteins had self-assembled into an adherent living tissue sheet, which was then gently detached from the culture flask using fine forceps; the thickness of the tissue sheet is approximately 100 mm. The tissue sheet was wrapped around a polystyrene tube of 4.5 mm diameter approximately five times and maintained in culture in DMEM-Ham (3 : 1) supplemented with 10 per cent bovine Foetal Clone II serum (HyClone), antibiotics and 50 mg ml 21 of sodium ascorbate. TEVM were developed by wrapping sheets formed from hUSMCs. TEVA were developed by wrapping tissue sheets formed from hDF.
The production of the TEVMA used a new and original technique allowing the fabrication of the TEVMA in a single step assembly (ssTEVMA). SMCs and DFs were seeded in two distinct compartments of a tissue culture plate (Corning, Lowell, MA) separated by a custom designed spacer. The spacer was removed 24 h following cell seeding in order to allow cell adhesion to the underlying tissue culture plastic. The two cell types migrate towards each other to form a continuous sheet of tissue with two distinct areas containing SMCs and DFs with an integrated region at their interface [20] . The spacer was placed in the centre of the tissue culture flask to maintain a ratio of media to adventitia thickness of 0.5. All vascular constructs were maintained for a 14-day-culture period on the tubular support at 378C in a humidified incubator containing 8 per cent CO 2 . The culture medium was changed three times per week. Note that vessels were grown and fabricated in the Laboratoire d'Organogénèse Expérimentale (LOEX) in Quebec City, Quebec, Canada. Two weeks after the tissue sheets were wrapped around the tubular mandrel, the vessels were shipped overnight to the Georgia Institute of Technology in Atlanta, GA, USA for biomechanical testing.
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Biaxial biomechanical testing
Ring sections, approximately 2 mm wide, were cut from the construct prior to biomechanical testing to determine if the traction-free configuration contained residual stress. With the vessel still on the mandrel, a scalpel was used to remove a 4 mm section from the end of the vessel and discarded. The ring section was subsequently cut from the remaining length of the construct. These sections were gently removed from the mandrel using forceps and placed into a tissue culture dish containing culture media at 378C. Each ring was imaged on an inverted microscope (Zeiss, Axiovert 40C) equipped with a digital camera. Without moving the sample, fine scissors were used to impose a radial cut in the ring while suspended in the culture media. An image of the cut section was taken on the same device and opening angle information was processed in Matlab (MathWorks, Inc.).
Cylindrical biaxial biomechanical testing was performed on the vascular constructs using a custombuilt bioreactor [18] . Each construct was mounted to the cannula using silicon o-rings and submerged in the same formulation of culture media in which the tissue sheets were grown. After the TEBV was mounted in the device and placed in the incubator, a minimum of 30 min was given for the TEBV and culture medium to equilibrate to the incubator environment. Immediately prior to testing, three preconditioning cycles to 50 mmHg were performed. Following preconditioning, the unloaded length is set by the stretching the vessel under 0 mmHg until a small preload (2 g) is registered on the load cell; the vessel's unloaded length was measured as the distance between each o-ring using a digital caliper. The testing protocol consisted of three inflation/deflation cycles to 150 mmHg at a rate of 2 mmHg s 21 at fixed axial stretches of l z ¼ 1.0, 1.1, 1.2 and 1.3 for the TEVA and TEVMA and l z ¼ 1.0, 1.1 and 1.2 for the TEVM, while monitoring the outer diameter and axial force in real time. The axial stretch is defined as l z ¼ l/L 0 where l is the loaded length and L 0 is the unloaded length. An ultrasound probe was used to measure the vessel wall thickness.
Stress -strain response
With measured values of the axial force, transmural pressure, axial stretch, outer diameter and wall thickness, stress analyses may be performed. The mid-wall circumferential Green strain respectively, where P is the transmural pressure, f the axial force, a the lumen radius and h the thickness of the vessel wall. For all three vessel types, incompressibility was assumed for the stress analysis; thus, det(F) ¼ 1. Compliance over the physiological pressure range may be defined through the relation
where C is compliance, DP the pressure difference between systolic pressure and diastolic pressure, D1 the local linearized cyclic strain experienced over DP, r sys m the midwall radius at systolic pressure, r dys m the midwall radius at diastolic pressure and r m the midwall radius at mean pressure.
Constitutive modelling
2.4.1. Theoretical framework. Our biomechanical testing data suggest that finite elasticity is an appropriate framework to model the pseudo-elastic response of these tissues. Thus, these tissue-engineered vessels will be modelled as a nonlinear, elastic, anisotropic, incompressible solid which experience large deformations. The TEVM and TEVA are assumed to be homogeneous, as is each layer of the TEVMA. The kinematics and constituent strain energy functions for each layer are distinct due to differences in the stressfree reference state and material response of each layer [21] ; we shall follow this approach.
For inflation and extension of a two-layer, axisymmetric tube, with each layer possessing residual-stress in the traction-free state, one typically considers four configurations when performing stress analyses: a current (loaded) configuration (b t ), the traction-free, unloaded configuration (b u ) and a (nearly) stress-free configurations of each layer (b , respectively) to the loaded configuration (b t ); the components of F J and C J , the right CauchyGreen deformation tensor, are diagonal matrices, given as
where l z and L J are axial stretches for the motion from b u to b t and b J 0 to b u , respectively. Finally, given the incompressibility assumption, det[
where r o is the outer radii of the vessel in b t and r and R J are the radius of interest in b J 0 and b t (figure 1). In the framework of finite elasticity, the Cauchy stress is defined as
T , where I is the identity tensor and W J is the strain energy density function for material J and p is the Lagrange multiplier that arises due to the incompressibility constraint.
The equations of equilibrium for a two-layer vessel may be written as
where r MA is the radial location of the mediaadventitia interface in the loaded configuration (b t ) and T .7) is adjusted for the axial force generated from end-cap pressure existing in all in vitro biaxial testing devices.
For single layer vessels (i.e. TEVM and TEVA) equations (2.6) and (2.7) reduce to
where J ¼ M for TEVM and J ¼ A for TEVA.
Constitutive model.
We used the strain energy function of Baek et al. [19] , which is a simple extension of the model of Holzapfel et al. [22] for each layer. This strain energy function is
2.4.3. Parameter identification. Material parameters were determined for TEVM and TEVA via a nonlinear regression technique that minimized the error between measured values of P and f and calculated values of P and f from equations (2.8) 1 and (2.8) 2 given measured values of outer diameter and length under these measured values of P and f and the measured stressfree configuration. We seeked to identify material Figure 1 . Kinematics for inflation and extension of a two-layer elastic cylinder.
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parameters via nonlinear regression that minimize the error function: 
2.4.4.
Evaluate predictive capability of model. Using the material parameters determined for the TEVM and TEVA, the mechanical response of a two-layer TEVMA was predicted using this constitutive model. Namely, the unloaded geometry and pressure from the experimental data were used to calculate the outer diameter and axial force via equations (2.6) and (2.7). The model predictions were compared with experimental data from the TEVMA using a standard R 2 value to evaluate the predictive capability of the model and material parameters.
RESULTS
Pseudoelastic response and incompressibility
Three inflation/deflation cycles were performed at each axial stretch to ensure consistency of the sample response. Between cycles 1 and 2, there was a slight shift of the pressure -diameter curve of approximately 40 mm at 150 mmHg (figure 2a) for a representative TEVA. However, there were negligible differences in the pressure-diameter curves (less than 10 mm at 150 mmHg) between cycle 2 and all subsequent cycles. Not only was there a shift at the maximum pressure tested, there was also a notable shift throughout the pressure range. There was more hysteresis occurring during the first cycle than in the other two cycles. These same trends were seen with the axial force (figure 2b) as a 0.12 N shift occurs at 150 mmHg between cycles 1 and 2, while all subsequent cycles had a much smaller shift (less than 0.05 N). This plot also provided insight into the energy dissipation of the vascular construct between loading and unloading. Only a small degree of hysteresis is observable following the first loading/unloading cycle; thus, finite elasticity is an appropriate framework for stress analysis of these so-called pseudo-elastic materials. This response is not limited to the TEVA, but is also seen in TEVM and TEVMA. Upon unloading following mechanical testing, the unloaded length was between l z ¼ 1.02 and 1.05. Thus, there is a small amount of plastic deformation and/or creep which occurs during testing. Importantly, this response is similar in native arteries; nevertheless, since the amount of irreversibility is small, we neglect this and model native and SA-TEBVs as a nonlinear elastic solid. Small differences (less than 50 mm) are observed when comparing the measured wall thickness of a TEVA to the predicted thickness assuming incompressibility with reference to the unloaded configuration, throughout the inflation/deflation cycle (not shown). Similar results were obtained with the TEVM and TEVMA.
Opening angle
A representative image of the opening angle of a TEVMA ( figure 3) indicates an angle of 1078. The experimental methods used to determine the opening angle for each vessel must be performed extremely carefully to avoid impacting the results. type. There was a large variability in the opening angle measurements. It should be noted that some constructs exhibited residual stresses in other directions as indicated by a twisting of the ring in the circumferential direction; these deformations, however, were not quantified.
Biaxial biomechanical behaviour
Representative results of pressure-outer diameter and axial force-pressure curves for TEVA ( figure 4a,b) , TEVM (figure 4c,d) and TEVMA (figure 4e,f) indicate a difference between the three construct types. The biaxial biomechanical response of a human coronary artery at an axial stretch of l ¼ 1.1 is shown (figure 4e,f ) to compare the response of a native vasculature to that of a tissue-engineered vessel. This response is generated from the model and material parameters determined by Holzapfel et al. [22] . There was a definitive difference between the responses of the two vessels at lower pressures; however, the response became much more similar within the physiological range.
Because the pressure-diameter response depends on both material properties and geometry, it is difficult to quantify differences in the material properties between different vessels from these plots. Stress -strain plots, however, only depend on material properties; thus, differences in the stress -strain response indicate differences in the material properties. Using equations (2.2a) and (2.2b) and the incompressibility assumption, mean circumferential Cauchy stress -circumferential Green strain plots were generated for a representative TEVA and TEVM (figure 5a,b) for the fixed length inflation tests. There were distinct differences in the stress analysis between the two construct types further suggesting that there were differences in material properties.
Constitutive modelling
Material parameters were identified for each TEVM and TEVA tested (table 2). Final parameter values were insensitive to initial parameter values used in the nonlinear regression solver algorithm. The high R 2 values suggested that these parameters provided a good fit to data. A representative example of the model fitting the experimental biaxial biomechanical properties can be seen in figure 6a,b; this figure illustrates fitting for a representative TEVA. The model fit TEVA constructs better than the TEVM as indicated by the higher R 2 value. While alpha is not experimentally determined, the value of this structural parameter remains critical. Small changes in alpha lead to a much lower R 2 value and thus poor predictive capability of the model. The parameters identified for the TEVA and TEVM constructs were used to predict the biaxial response of the TEVMA. Comparing the experimental values to the predicted values, the model was a good predictor of the material response of the two layer construct; a representative example of the model's biaxial biomechanical predictive capabilities is seen in figure 7a,b. Owing to the deviations in the parameters within the TEVM (table 2), using the mean values of these parameters in the two-layer model introduced large errors into the predictive model. Therefore, a combinatorial approach was taken to determine which TEVM, paired with the mean values for the TEVA produced the smallest mean error in predicting the TEVMA response. While all sets of parameters produced reasonably good fits, it was found that TEVM no. 1 could be used to best predict the two-layer response with an average R 2 value of 0.424. However, most of these errors are associated with a specific loading region; namely, discrepancies arise at low pressures and high axial stretches. This is probably due to the model predicting a less compliant response in the axial direction and a manifestation of the over prediction of axial force at higher axial stretches as seen in figure 6b. The average R 2 value of the pressure -diameter plots alone was 0.673. These errors illustrate that, given the highly nonlinear nature of this model the range of strains over which this model provides good predictive capabilities is limited to the range of strains of the experimental data over which the model was originally fit. Thus, the constitutive model (equation (2.9)) with identified material parameters is suitable for subsequent mechanical design analysis to optimize fabrication strategies for self-assembly TEVMA.
DISCUSSION
It has been a long-held belief that matching biomechanical properties between the native vasculature and a vascular graft is a necessary design target to achieve long-term patency [23] . Although it is recognized that restenosis following vascular by-pass grafting is a multifactorial phenomenon, mechanically mediated adaptations play a key role in restenosis. Traditionally, saphenous veins have been used for coronary by-pass grafting; in their native environment, these veins experience an order-of-magnitude lower shear stresses, much lower mean and cyclic pressures, and higher radius to thickness ratio when compared with coronary arteries. Thus, following implantation of a saphenous vein into the arterial system, the shear stress and circumferential stress slightly increase, while the cyclic pressure and cyclic strain dramatically increase. Typically, veins are implanted at a fairly low axial stretch, thus the axial stress probably decreases. These altered loads can induce significant remodelling in the graft vessel. Grafts derived from the arterial system (e.g. internal mammary artery (IMA) or radial artery) experience less dramatic, but still significantly, altered loading following implant. Thus, the IMA often grows in a tortuous fashion, indicating maladaptive remodelling due to insufficient axial loading [24] .
In addition to graft remodelling, the host vessel experiences significant changes in the local loads near the anastomosis, including altered cyclic strains due to compliance mismatch between the host and graft and altered haemodynamics due to diameter and compliance mismatch. Host tissues experience oscillatory shear stress and a significant reduction in cyclic strain; both mechanical stimuli are associated with intimal hyperplasia (IH) and plaque formation. Comparing autologous (compliant) to synthetic (non-compliant) grafts, it was found that the 2 year patency rate of compliant grafts was more than two times superior than the patency rate of non-compliant grafts [23] . This experiment, however, brings into question the resulting effect of synthetic graft biocompatibility. To eliminate synthetic materials from the experiment, [25] chemically cross-linked arterial autografts with glutaraldehyde to decrease the compliance of the grafts prior to implantation. It was thus found that the three month patency was significantly greater in compliant (not cross-linked) grafts.
Specific mechanisms of failure as a result of compliance mismatch have been investigated. IH at and around the suturing point has been shown to cause significant intimal thickening with synthetic grafts (expanded polytetrafluoroethylene) whereas IH with autologous grafts result in significantly less thickening [26] . To eliminate blood -synthetic material contact, Trubel et al. [27] used autologous vein autografts externally stiffened with Dacron mesh to force compliance mismatch. It was found that significant IH occurred in compliance mismatched vessels while very little IH was observed in diameter mismatched vessels. Ballyk et al. [28] mathematically investigated compliance mismatch and found that significantly increased transmural stresses develop near the vasculature-graft junction. This mathematical finding, along with experimental results of Matsumoto & Hayashi [29] , further suggests a localized cellular response to an increased stress.
There are numerous reports of the mechanical properties of human coronary arteries. These properties vary significantly with age and from patient to patient. Gow et al. [30] and Gow & Hadfield [31] reported compliance (as defined in equation ( We have shown that the average compliance of a TEVMA was 2.73 MPa
21
, which is within the range of those reported by Gow et al. [30] and Hayashi et al. [32] , and in the same order of magnitude, albeit slightly lower than the compliance reported by Purinia & Kas'ianov [33] and Holzapfel et al. [35] . Thus, these TEBVs exhibit compliances near or slightly lower than native human coronary arteries. The axial force for TEVMA under an axial stretch of l z ¼ 1.1 was nearly identical to that of a representative native coronary artery (figure 4f ). Thus, upon implant of an end-to-end anastomosis, with the graft at an axial stretch of 1.1, the axial force (and thus, axial stress) imposed on the host vessel at the anastomosis will be equal to pre-graft values. Note that end-to-side anastomosis develops a more complicated stress field [28] . Representative pressure -diameter and axial forcepressure curves are shown in figure 4 . From the understanding of the macro-structure, the biomechanical response of the TEVMA would be expected to be a composite of the two constituent layers. Qualitatively, pressure -diameter plots demonstrate that the TEVMA (figure 4e) combines trends of both the TEVA (figure 4a) and TEVM (figure 4c). Visual inspection of these three figures revealed that the most compliant construct was the TEVA while the TEVM was the least compliant. While both curves had similar shapes, the TEVM curve had a much greater distension at lower pressures than the TEVA. During inflation of the TEVMA, the TEVA was restricting the TEVM from rapidly distending at low pressures. However, the inflation curve of the TEVMA did not precisely follow that of the TEVA since the adventia layer thickness in the TEVMA is only half of the full TEVA. The compliance of a TEVMA lies in between the other two construct types. This result was further confirmed quantitatively as shown in table 1. A similar result can be seen in the axial direction when comparing figure 4b,d,f. As expected, in both the circumferential and axial directions it appears that such behaviour was dominated by the TEVA.
All three vessel types displayed a large range in opening angle measurements. Because these vessels were developed individually in a tissue engineering laboratory, vessel to vessel variability can arise during the fabrication. For example, the process of wrapping the tissue sheets around the mandrel is performed manually and not automated. This can lead to different circumferential pre-stretch levels being imposed on the tubular construct while on the mandrel. Knowing that static stretching of SMCs induces remodelling [36] , it is reasonable to believe that different circumferential static stretches while on the mandrel will lead to different remodelling rates and therefore different opening angles. In addition, the differences in stress between the stress-free and traction-free states of a vessel are very small. Using calculated parameters for a representative TEVA, a 5.434 mm outer diameter and 0.498 mm thickness vessel with an opening angle of 1078 will have a T uu [ [20.164,2 .806] kPa from the inner to outer radius, respectively, in the unloaded configuration. When comparing these values to those observed during inflation and extension (figures 4 and 5), there is an order of magnitude difference between the stresses observed in the traction-free state and the mean stresses at physiological pressures. With these very small differences in the unloaded transmural stresses, the experimental methods to determine opening angle could influence measurements. While these residual stresses are on the same order of magnitude as native vessels [37] , the tissue-engineered tissues display less consistent results. This could result from the axial location from where the rings were taken since end effects or different contraction rates might cause different residual stresses. These models are a valuable tool in understanding the biomechanical response of a TEVMA prior to development. Figure 7a ,b indicate that the calculated material properties of the TEVM and TEVA can be used to develop a two-layer model which will predict the response of a TEVMA. For all TEVMA modelled, the predicted values for diameter over the physiological range were slightly underestimated. There are a number of reasons why this would be the case. During the production of the TEVMA, the tissue sheet was developed as a co-culture. With two cell types being in the same cell culture media, there was the possibility of one cell type influencing the cellular processes of the other. This would lead to different material properties and therefore a different material response. One solution to develop more representative TEVA and TEVM would be to use conditioned culture medium from a TEVMA tissue sheet. In addition, unlike native vessels, once the TEVMA is formed, the media-and adventitialike layers are indistinguishable; thus, these layers could not be separated to measure the individual opening angles of each layer. Rather, we assumed that the opening angle was similar to those measured from the single layers. Inaccuracies in the true stress-free state of each layer of the TEVMA could, at least in part, explain the slight differences between the prediction model and the experimental data.
It is well known that tissues grow and remodel in response to altered mechanical loading and these mechanisms appear to be aimed at restoring the local mechanical environment to a homeostatic state of stress (and/or strain). Whereas studies on native tissues suggest that the homeostatic circumferential and axial stresses are 50-150 kPa, the homeostatic stresses for TEVM, TEVA and TEVMA are not yet known. One advantage to understanding the stress distribution across the vascular wall is the knowledge of local mechanical influences on cellular responses. The predicted circumferential and axial stress in the media and adventitia of a TEVMA at 100 mmHg at an axial figure 8a ). The stress distribution in both the circumferential and axial directions across the native vasculature is relatively uniform compared with the large gradient seen in the media layer of the TEVMA. Indeed, these results suggest that following implant, the TEVMA may experience significant stress-mediated growth and remodelling. For example, large stresses predicted in the media could result in significant local growth (or atrophy) and even IH. Thus, although the overall biomechanical indicators such as compliance and axial force are similar between native coronary arteries and TEVMA, if the local mechanical environment deviates significantly from the homeostatic mechanical environment, maladaptive remodelling may ensue. For this reason, we submit that identification of a predictive constitutive model is critical to conduct design analysis that not only matches the global biomechanical response parameters (e.g. compliance), but also matches the local mechanical environment (i.e. local stresses) to minimize maladaptive remodelling. Such analysis can be used to motivate novel fabrication strategies to achieve reasonable matches to both global and local mechanical targets. Note that the abrupt change in stress at the media -adventitia interface is due to the step-wise change in the material model; in reality, there is a narrow continuous transition between the stresses in the media and those in the adventitia.
While these models provide good insights into the local mechanical response as well as tissue level mechanics, they are not without limitations. The TEVMA was fully capable of loading beyond an axial stretch of 1.2, however because the TEVM was only capable of being tested to l ¼ 1.2, the two-layer model cannot be extrapolated to predict the response at higher axial stretches. Moreover, at an axial stretch of 1.2, the circumferential strains that were experienced by the TEVMA are considerably smaller than those experienced by the TEVM alone. Thus, the range of strains that the media-like layer of the TEVMA experienced over the experimental loading was different from the range of strains that the TEVM were exposed to during the same experimental loading. Since the material parameters were determined for the TEVM are only valid over the range of strains experienced by the TEVM, any extrapolation outside the range of strains will result in significant error; this is especially true for the chosen constitutive equation that incorporates exponential functions. The predictive capabilities of the model are quickly lost once strains outside of the tested range are introduced as this leads to negative or extremely large values for pressure and axial force. Therefore, one must use caution when using this model as a tool to predict the material response of the tissue-engineered vasculature.
In summary, our in vitro biomechanical characterization has demonstrated that TEVMA displayed compliance on the same order of magnitude as native vessels when subjected to the same physiological loads. Previous studies have shown that TEVMA do possess the mechanical strength to be used as a viable graft [9, 38] , but biomechanical properties at physiological loads had not been characterized until now. In order for these vessels to have the greatest chance of patency, their biomechanical properties would ideally match that of the surrounding vasculature. The results of these experiments demonstrate that the biomechanical response of the self-assembly tissue-engineered constructs does not precisely match that of the native vasculature, but we have now developed a model to better understand the effect of different assembly strategies on the biaxial biomechanical response. Figure 8 . Predicted circumferential and axial stresses for a representative coronary artery (a) using the constitutive model and material parameters of Holzapfel et al. [35] and for a TEVMA (b) using the material parameters from table 2 (thick solid line, t uu ; thick dashed line, t zz ).
